Abstract: T 1 mapping of the heart has evolved into a valuable tool to evaluate myocardial tissue properties, with or without contrast injection, including assessment of myocardial edema and free water content, extracellular volume (expansion), and most recently cardiomyocyte hypertrophy. The magnetic resonance imaging pulse sequence techniques developed for these applications have had to address at least 2 important considerations for cardiac applications: measure magnetization-inversion recoveries during cardiac motion with sufficient temporal resolution for the shortest expected T 1 values, and, second, obtain these measurements within a time during which a patient can comfortably suspend breathing. So-called Look-Locker techniques, and variants thereof, which all sample multiple points of a magnetization recovery after each magnetization preparation, have therefore become a mainstay in this field. The rapid pace of advances and new findings based on cardiac T 1 mapping for assessment of diffuse fibrosis or myocardial edema show that these techniques enrich the capabilities of magnetic resonance imaging for myocardial tissue profiling, which is arguably unmatched by other cardiac imaging modalities.
T 1 mapping of the heart has, over the last few years, seen a dramatic increase in its use in cardiac magnetic resonance (CMR) imaging. This is largely due to the recognition that T 1 mapping can quantify a spectrum of changes in myocardial tissue structure and composition that occur with the onset of heart diseases. In combination with the administration of an extracellular (EC) contrast agent, T 1 mapping has proven valuable for detecting expansion of the EC space, which reflects the buildup of fibrosis in the myocardium. This is complementary to late gadolinium enhancement (LGE) imaging, which is a widely applied clinical CMR technique that visualizes myocardial scar and myocardial necrosis. The reliance in LGE imaging on detecting differences in delayed contrast enhancement within the ventricular walls renders it difficult to detect diffuse myocardial fibrosis that may be generalized throughout the entire heart. The increasing use of T 1 mapping was initially, to a large degree, motivated by this perceived shortcoming of LGE imaging and the need to detect more ''subtle'' forms of myocardial fibrosis.
In 2004, a study in patients with aortic regurgitation provided an important impetus for developing T 1 mapping to detect diffuse myocardial fibrosis. 1 Postcontrast T 1 values, acquired at a fixed time after contrast injection, were significantly shorter in patients with aortic regurgitation than in healthy volunteers. This finding suggested that the distribution volume for the EC contrast agent was larger than in normal myocardium, possibly due to the buildup of connective tissue within the interstitial space. Previous studies of endomyocardial biopsy samples in patients with aortic regurgitation had documented a pervasive burden of diffuse interstitial fibrosis. 2, 3 One of the main applications emerging from cardiac T 1 imaging is the determination of the EC volume (ECV) fraction, 4 ,5 using precontrast and postcontrast T 1 measurements. It has been shown that ECV is a good surrogate marker of interstitial fibrosis in diseases such as aortic stenosis, 6 hypertrophic cardiomyopathy, 5 and dilated cardiomyopathy. 4 More recently, noncontrast T 1 mapping has been proven to yield high diagnostic accuracy for the detection of changes in free water content occurring with acute edema. 7, 8 These newer applications may pave the way for an improved quantification of the area at risk in ischemic heart disease and the diagnosis of myocarditis. Abnormal native (ie, without contrast) T 1 values were also reported for patients with hypertrophic and dilated cardiomyopathies, 9 although the origin of these T 1 changes remains under investigation. This review of cardiac T 1 imaging will start with an introduction of the CMR techniques used for T 1 measurements and then proceed to the postprocessing and interpretation of the data.
PULSE SEQUENCE TECHNIQUES FOR T 1 IMAGING
Measuring T 1 has been an important focus of magnetic resonance imaging (MRI) investigators since the beginnings of this imaging modality and providing the impetus for the development of multiple approaches for rapid T 1 imaging and quantification. T 1 is the characteristic time constant with which longitudinal magnetization recovers after being inverted with a radiofrequency (RF) pulse. In blood and tissue, the recovery of the longitudinal magnetization after inversion can, in many cases, be described by a single-exponential function, and T 1 then refers to the time constant in the exponential. If M z (inversion time [TI] ) denotes the longitudinal magnetization as a function of TI, the time after inversion, one can express a single-exponential inversion recovery as
where M o is the equilibrium magnetization before inversion, and INV the inversion factor. For a perfect inversion, we have INV = 2, which yields M z (TI = 0) = jM o ; that is, right after the inversion, the longitudinal magnetization has a value that is the negative of its value before the inversion pulse. The measurement of T 1 always involves disturbing the longitudinal magnetization from its equilibrium and then determining the rate at which the longitudinal magnetization recovers. A simple T 1 experiment could take the form of inversion of the magnetization, followed a time t = TI later, by sampling of the longitudinal magnetization with an RF ''read-out'' pulse. This process of inversion and read-out has to be repeated for a series of TI valuesVat least 2 to 3 TI values in the case of a single exponential as described in Eq. 1. The sampled signal intensities can then be fit to Eq. 1, to determine T 1 , assuming that a single exponential represents an adequate description of the inversion recovery. It should be noted that between repetition of each inversion and read-out, sufficient time should elapse so that the longitudinal magnetization can return to its M o equilibrium value. If this is not the case, one has to explicitly take into account the incomplete magnetization recovery between inversion pulses. Before introducing MRI techniques for rapid T 1 imaging, it is worthwhile to first describe the criterion standard for T 1 measurements, which we will refer to here as the inversionrecoveryYprepared single spin-echo technique, illustrated in Figure 1 . With this technique, one inverts the magnetization and samples the longitudinal magnetization at a specific time after the inversion (known as TI), with a single echo read-out. It is referred to as a single point technique, because the longitudinal magnetization is sampled for only 1 TI value after each magnetization inversion. As mentioned before, the experiment is repeated for a series of TIs, in addition to the repetitions required for all the image encoding steps; that is, for a 2-dimensional T 1 map, the total number of steps is (number of TIs) * (number of phaseencoding steps). These steps should be repeated with a delay time of 4 to 5 times the expected T 1 , to allow for nearly complete relaxation recovery after each inversion pulse. With T 1 s of normal myocardium and blood on the order of 1 to 2 seconds, this would clearly result in prohibitive image acquisition times, rendering in vivo T 1 mapping with this technique impractical. T 1 measurements with the inversion-recoveryYprepared single spin-echo technique have therefore been relegated to measurements on phantoms, to validate other more rapid techniques.
LOOK-LOCKER T 1 IMAGING
The requirement of complete magnetization recovery between magnetization inversions can render T 1 imaging very timeconsuming. One way to overcome this limitation is to sample the longitudinal magnetization for multiple TI values after an inversion pulse. For sampling of the magnetization after its inversion, one could use a train of low-flip-angle RF pulses and sample the transverse magnetization after each RF pulse (eg, by producing a gradient echo).
Look and Locker, 10 in a landmark publication from 1970, well before the introduction of MRI, described such a technique, which in one form used a periodic train of constant flipangle RF pulses, and sampling of the MR signal after each RF pulse. The RF pulse train, if sufficiently long, drives the magnetization to a ''steady state.'' The steady-state value of the longitudinal magnetization is lower than the value corresponding to the undisturbed equilibrium (M 0 ). The rate of change of the signal amplitudes sampled with the periodic pulse train can be used to derive T 1 , without prior calibration of the RF flip angle.
If we call the signal right after the first RF pulse S(0), and the signal in the equilibrium state S(V), one can define a ''dynamic range'' (DR) for the Look-Locker experiment as the difference DR = S(0) j S(V).
11 It can be shown that the error in the estimation of T 1 can be reduced by maximizing the DR. For the purpose of maximizing the DR, the Look-Locker train of RF pulses can be preceded by a magnetization-inversion pulse, giving rise to what can be described as multipoint sampling of the inversion recovery. Sampling of the longitudinal magnetization generally results in a disturbance of the magnetization recovery, and this disturbance grows in magnitude with the flip angle of the excitation pulse. The effect of the RF pulses is to drive the magnetization to a steady-state equilibrium level that is below the signal equilibrium in an undisturbed inversion FIGURE 1. Inversion-recovery measurement, consisting of an inversion pulse, followed some time after inversion (TI) by a 90-to 180-degree pulse pair to produce a spin-echo with an amplitude proportional to the longitudinal magnetization at time TI. With phase-sensitive signal detection, it is feasible to preserve the polarity of the longitudinal magnetization at time TI in the spin-echo signal. This inversion-recovery spin-echo sequence has to be repeated for a range of TI values to sample the inversion recovery at multiple time points and quantify T 1 . Before each inversion pulse, the magnetization should be in its equilibrium state, meaning that between repetitions of the inversion-recovery measurement a time equivalent to 4 to 5 Â T 1 should elapse. . The inversion recovery is modified by the application of the RF pulse train, more so when the flip angle is higher, resulting in an effective T 1 that becomes increasingly shorter as the flip angle is increased. The T 1 * measured with a Look-LockerYtype pulse sequence can be determined with a 3-parameter fit to the expression A + B * exp(jTI/T 1 ), and the true T 1 is then calculated from these parameters, using Eq. 6. recovery and to speed up the rate at which this steady-state equilibrium is reached, with the rate increasing with increasing RF flip angle, as illustrated in Figure 2 . This is in particular true for gradient echo sequences without steady-state free precession (SSFP), that is, pulse sequences where the transverse magnetization is spoiled and not returned to the z axis by the next RF pulse in the train. The effective T 1 during a Look-Locker multipoint read-out, often denoted by T 1 *, is therefore not equal to the T 1 that would be measured from an inversion recovery that remains undisturbed until the acquisition of a single sample. Nevertheless, T 1 * can be used to estimate the true T 1 , by taking into account the specifics of the sampling of the inversion recovery.
For a Look-Locker multipoint read-out, the magnetization (or sampled signal) relaxes toward a ''steady-state'' M z (V) (or S(V)) with an apparent, or effective T 1 given by
TR is the time between RF pulses, and > is the (constant) flip angle of the RF pulses. Figure 3 illustrates how the effective T 1 becomes insensitive to the true T 1 when the flip angles of the RF pulse train increase. This means that the flip angle of the RF ''read-out'' pulses should be kept relatively low (È5Y15 degrees) for T 1 measurements.
The Look-Locker scheme was initially introduced for pulsed NMR experiments without any gradient pulses. The adaptation to imaging studies was relatively straightforward and involved introducing gradient waveforms and an additional loop in the pulse sequence for the spatial phase-encoding steps. 12 The imaging version of the Look-Locker technique is also known by the TOMROP (T One by Multiple Read Out Pulses) acronym. 13, 14 The addition of the gradient pulses for slice selection and spatial encoding has no direct effect on the inversion recovery An additional speed-up can be achieved by acquiring segments of phase-encoded lines of data, instead of just a single-phase encoded line. The segment size determines the TI resolution that one achieves.
For cardiac applications, the start of each Look-Locker cycle is electrocardiographically triggered. As data are acquired over the entire cardiac cycle, the images resemble a cardiac cine loop, with the important distinction that each frame corresponds to a different TI time. Figure 4 shows the sequence diagram for a Look-Locker acquisition.
MODIFIED LOOK-LOCKER T 1 IMAGING
The Look-Locker technique with gradient-echo read-outs for multiple TI values has the disadvantage that the inversion recovery is altered by the application of the RF pulses. In the worst case, this can result in poor sensitivity to T 1 differences. The effect of the RF pulses and spoiling of transverse magnetization on the inversion recovery can be reduced by using an SSFP technique for image read-out, as shown in 2001 by FIGURE 3 . The effective T 1 measured with a Look-LockerYtype pulse sequence decreases with increasing flip angle, as shown here for 3 cases where the undisturbed inversion recovery (ie, the T 1 measured with a 2-pulse experiment) would be T 1 = 800 (long dashes), 400 (short dashes), and 200 milliseconds (solid line). The repetition time for the RF pulse train was 10 milliseconds. It is apparent that with a TR on this order, one should use an RF flip angle of less than È20 degrees to maintain adequate sensitivity to T 1 .
FIGURE 4.
The diagram illustrates the basic building block of a Look-Locker image acquisition, consisting of an inversion pulse, followed by a train of low-flip-angle RF pulses (flip angle denoted by >). Not shown are the gradient pulses for slice selection, phase encoding, and gradient-echo read-out that are typically applied after each >-pulse. These gradient pulses do not disturb the inversion recovery. The basic building block in the diagram represents a single Look-Locker cycle with 20 different signal samples, corresponding to TI times, with increments that equal TR, the time between RF pulses. The LL cycle is repeated n number of times, where n represents, for example, the number of phase-encoding steps. A subset of images in the figure corresponding to different TI times is shown in the lower inset. The modified Look-Locker T 1 imaging (MOLLI) technique uses SSFP image-read-outs and was introduced for cardiac T 1 mapping so that the image acquisition is performed at the same time point in the cardiac cycle for all TIs. 16, 17 In addition, several Look-Locker cycles are merged into 1 breathhold to avoid breathing-related misregistration of the images for different TIs. This renders it feasible to follow inversion recoveries at the pixel level.
Each Look-Locker cycle starts with an inversion pulse, followed by rapid single-shot acquisition of images with SSFP at a fixed, user-defined point in the cardiac cycle, typically diastole. For subsequent Look-Locker cycles, the inversion pulse is shifted within the cardiac cycle by È50 to 300 milliseconds, but the timing of the image SSFP image acquisition remains constant. Each Look-Locker cycle yields images with TI increments corresponding to the heartbeat duration, whereas variation of the timing for the inversion pulse gives TI times with smaller 100-to 200-millisecond increments, relative to the already acquired points. The end result is a series of images with TI times covering typically a TI range up to 2 to 5 heartbeats. Figure 5 illustrates a scheme for the MOLLI acquisition. After the first Look-Locker cycle in Figure 5 , there is a relaxation period extending over 4 heartbeats to allow complete recovery before application of an inversion pulse for the next Look-Locker cycle.
The ''single-shot'' SSFP image acquisitions start with 5 to 10 dummy TR cycles using excitation pulses with linearly increasing startup angles to transition to an SSFP. Partial Fourier encoding can be used with a linear phase-encoding order to reach the center of k-space quickly. For example, approximately only 30 phase-encodings are used to reach the center of k-space, with full sampling of the conjugate portion of k-space after traversing the center. The partial Fourier encoding allows sampling closer to the beginning of the IR.
Modified Look-Locker T 1 imaging acquisition schemes are summarized in terms of the number of heartbeats that are used for acquiring images after each inversion pulse. For example, a ''5-3-3'' scheme would mean that 5 images are acquired after FIGURE 5 . Acquisition scheme for modified Look-Locker (MOLLI) pulse sequence. The acquisition scheme in this example comprises 2 Look-Locker cycles, each initiated by an inversion pulse. The assumed heart rate was 80 beats/min, and its duration 750 milliseconds. The blue line shows the evolution of the longitudinal magnetization over the course of the acquisition, assuming a T 1 of 1100 milliseconds (eg, myocardium). The gray line shows the longitudinal magnetization for an assumed T 1 of 1600 milliseconds (eg, blood). The gray rectangles overlaid on the signal curves denote the times where images are acquired in single-shot mode (100 milliseconds) with SSFP. By virtue of the SSFP acquisition, the signal evolution is not disturbed under ideal conditions during the image read-out. The vertical dotted lines denote the electrocardiogram R-wave occurrence, and the red trace on top shows a simulated electrocardiogram trace. During the first Look-Locker cycle, the first TI value has the shortest value of 100 milliseconds, which is incremented in this case by 80 milliseconds for the next LL cycles. After the first LL cycle, the sequence is paused for 2 additional heart cycles to allow full and undisturbed signal recovery, before the next inversion pulse is applied. Note that all images are acquired for the same cardiac phase, yet different times after inversion.
the first inversion pulse in the first Look-Locker cycle. In the next 2 cycles, 3 images are acquired after the inversion pulse. If the patient's heart rate is 60 beats/min, and the TI shift between LookLocker cycles is 150 milliseconds, then one would obtain approximately the following 10 TI times, listed here in the order of acquisition: 100, 1100, 2100, 3800, 4800, 200, 1200, 2200, 300, 1300, and 2300 milliseconds.
An increasingly more often used variant of MOLLI uses a 3-cycle MOLLI scheme, with abbreviated recovery times in the second and final LL cycle, to shorten the time required for breath-holding. 18 This shortened MOLLI (shMOLLI) method for T 1 mapping, illustrated in Figure 6 , requires conditional postprocessing of the data, because only when T 1 is sufficiently short to achieve an approximately complete recovery in the previous LL cycle is a data sample from the next LL cycle used for the T 1 determination. 18 
SATURATION-RECOVERY PREPARED T 1 MAPPING
With SASHA (saturation-recovery single-shot acquisition), 19 T 1 mapping is also, like with MOLLI and shMOLLI, performed in a single breath-hold, starting with the acquisition of a equilibrium (or ''no-saturation'') image without any magnetization preparation. This is followed by Look-Locker cycles, using a saturation-recovery preparation. The first image defines the signal intensity in the equilibrium state, that is, the signal intensity from completely relaxed magnetization, denoted here by M 0 .
All subsequent images are acquired after a magnetization saturation pulse with varying times after saturation (TS). The variation of regional signal intensity is, in most instances, well approximated by a single-exponential recovery, described by the following equation:
Compared with an inversion-pulse preparation, the DR of SASHA is only half as large, which in principle implies a larger uncertainty (or error) for the estimation of T 1 . The use of a saturation-recovery preparations renders the measured signal intensities heart rate insensitive, thereby giving SASHA an important practical advantage for cardiac T 1 measurements, over MOLLI. Table 1 provides a summary of important characteristics and advantages of techniques for T 1 quantification included in this review.
INVERSION-RECOVERY ANALYSIS AND POSTPROCESSING
The analytical expression for an inversion or saturation recovery with a single-exponential dependence on the time after inversion (or saturation), described in Eq. 1, can be rewritten in terms of measured signal intensities (S, in arbitrary units) as
where S 0 is the equilibrium signal, and INV, the inversion factor, with INV = 2 for a complete inversion, and INV = 1 for a saturation preparation. In most cases, the measurements are made from signal intensity images for a fixed pixel location, or a user-defined region of interest, and the inversion recovery is then presented in terms of magnitude data. For a saturation recovery, any loss of polarity information is immaterial. A nonlinear least-squares algorithm, or the downhill simplex optimization algorithm, has been used to estimate T 1 , by minimization of the residual differences between fit and measured data points. In principle, it is possible to specify an inversion-recovery function for the magnitude signal as target for the nonlinear least-squares fitting. The resulting T 1 values will be the same as obtained from a fit with Eq. 4, after restoring the phase (sign) of the signal. But phase (polarity) restoration makes fitting more reliable, in particular if the number of TI samples is relatively low (eg, È 5Y10). In the case of MOLLI or shMOLLI IR fits, it is therefore advisable to restore the polarity of the IR signal.
Phase restoration can take several forms: a phase reference image can be acquired at the end of the inversion recovery to calculate phase-sensitive inversion-recovery signal values for each TI. Alternatively, the phase can be restored after data acquisition (without phase reference data) from the magnitude IR curve: either the user identifies the location of the zerocrossing for the IR curve, or this is done iteratively, for all possible locations of the zero-crossing, by fitting in each case the corresponding polarity-restored IR curve to Eq. 4. The optimal zero-crossing point can then be identified by the fit with the lowest value for the sum of squared residuals (W 2 ). Figure 7 illustrates this latter approach.
For Look-Locker (or TOMROP) acquisitions with a gradient echo technique, the T 1 obtained from fitting the IR curve gives an effective T 1 , called T 1 *, which includes the effects of the RF pulses. Equation 2 showed how T 1 * varies with TR and the RF flip angle. As the RF pulse flip-angle varies spatially and is generally only determined so that its mean for a slice has a certain predefined value, this equation is of limited value to obtain for a specific region of interest or a pixel the true T 1 from T 1 *. Instead, the effect of the RF pulses can be estimated from the ratio of the undisturbed magnetization (M o , or its absolute FIGURE 6. Pulse sequence scheme for shortened modified Look-Locker (shMOLLI) acquisition. This variant of MOLLI uses 3 Look-Locker (LL) cycles, with the last 2 shortened to reduce the breath-hold duration. The gray and blue lines show the evolution of the longitudinal magnetization of myocardial scar and normal myocardium over the course of the acquisition, assuming a T 1 of 400 and 1200 milliseconds, respectively. For the longer T 1 (1200 milliseconds), the recovery after the first Look-Locker cycle is incomplete, but for longer T 1 values the additional signal samples with short TIs can be discarded with relatively minor effects on T 1 accuracy. Therefore, with shMOLLI, a conditional T 1 quantification scheme is used, where the signal samples for the last 2 LL cycles, or just the last LL cycle, are left out, depending on heuristic criteria that minimize the fit error, and also take into account whether T 1 is longer than the heartbeat interval. Other details of this figure follow the same scheme as in Figure 5 . 
where 
In Eq. 6, it is assumed that the fully relaxed magnetization (M o ) was completely inverted at the beginning of the LookLocker cycle.
The approximation on the right-hand side applies when exp(jTR/T 1 *) GG 1, which is reasonable when TR is on the order FIGURE 7. Left, Inversion-recovery curves are typically extracted from magnitude images, resulting in inversion-recovery curves that have a V-like shape. Before fitting the curves to the equation for an inversion recovery, one can restore the polarity in the signal intensity curves. This is particularly useful if the inversion recovery is sampled for only few TIs, as the loss of signal polarity then renders it more challenging to fit the magnitude data. Middle, Signal polarity restoration can be done iteratively, by inverting the data points up to the nth sample. For each iteration, the resulting signal curve is fit, and the agreement with the measured data is measured by the sum of the squared distances between model curve and data points (W Multipoint refers to a T 1 measurement with signal samples at multiple TIs during an inversion recovery. M 0 indicates to equilibrium magnetization; MT, magnetization transfer.
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of a few milliseconds, and T 1 * on the order of 100 milliseconds or longer. This right-hand side of Eq. 6 is identical to the result derived by Deichmann and Haase 21 and is used in an open-source software package for T 1 mapping. 22 Interestingly, the right-hand side of Eq. 6 is also sometimes used to ''correct'' the T 1 measured with MOLLI sequences, although this appears to be an ''empirical'' correction for the ''imperfections'' in SSFP readouts, such as off-resonance shifts. 17 An important advantage of MOLLI and SASHA is that all images are acquired in the same cardiac phase. For postprocessing, and assuming a regular heart rhythm of the subject, a user needs to segment the myocardium in only 1 image and can then automatically propagate the contours to all other images. Furthermore, T 1 maps can in principle be generated with pixel-level resolution. With Look-Locker techniques where images are acquired over nearly the entire cardiac cycle, pixel level maps can be produced only by tracking pixel locations over the cardiac cycle. An example is shown in Figure 8 .
PARAMETERS DERIVED FROM CARDIAC T 1 MEASUREMENTS: PARTITION COEFFICIENT AND ECV FRACTION
In myocardial tissue and blood, the inverse of T 1 , the relaxation rate constant R 1 (=1/T 1 ), changes proportionally to contrast agent concentration, at least when R 1 is not increased above 2 to 3 s j1 by contrast administration. 23 For our initial considerations, we therefore assume the following relationship between R 1 and contrast concentration:
where R 1o is the native (ie, precontrast enhancement), R 1 , r 1 the relaxivity of the contrast agent, and [Gd] the concentration of a gadolinium-based contrast agent. If we now assume that the contrast agent distributes in myocardial tissue only within the EC space and has there a concentration of [Gd] EC , then the above equation can be rewritten as
where ECV stands for ECV fraction. Similarly for blood, where gadolinium contrast is excluded from the red blood cells, one can write
where Hct is the blood hematocrit, (1-Hct) represents the plasma volume within which the contrast can distribute, and [Gd] plasma is the concentration of gadolinium contrast within the blood plasma. Use was made of the relation [Gd] plasma = (1 j Hct)[Gd] b , which reflects the exclusion of Gd contrast from the red blood cells. If one could achieve equal concentrations of contrast within the blood plasma, and the interstitial space, that is, [Gd] EC = [Gd] plasma , by allowing contrast concentration to equilibrate, then the ratio for the precontrast-topostcontrast change of R 1 , (R 1 j R 10 ) = $R 1 , measured in blood and tissue, respectively, gives the so-called myocardial partition coefficient for contrast, L, which is independent of Gd concentrations. Using the superscripts ''b'' and ''t,'' to denote whether R 1 is measured in blood and tissue, respectively, the myocardial partition coefficient for gadolinium contrast (L Gd ) can be expressed as
Equation 10 suggests a prescription for determining ECV. R 1 is measured in blood and tissue before and after contrast administration, and in combination with the patient's blood hematocrit, one can estimate ECV. An important advantage of ECV, over using postcontrast T 1 measurements, is that ECV is independent of several of the potentially confounding factors that can change T 1 , like the rate of clearance of contrast from blood and tissue, which depends on renal function, and may vary between patients.
times but has the distinction of providing what is arguably the closest measure of the ''true'' T 1 .
With SSFP image read-outs, as used in MOLLI and SASHA, there may be multiple factors that can bias the T 1 estimate, such as the ratio of T 1 /T 2 , 24 or magnetization transfer effects. 25 It was initially thought that SSFP techniques may be ideal for measuring inversion recoveries and quantifying T 1 , because in contrast to other gradient echo techniques, the transverse magnetization is not spoiled, but converted to longitudinal magnetization at the end of each TR cycle, resulting in minimal disturbance to the inversion recovery. 15 Steady-state free precession imaging produces a contrast dependent on the ratio of T 2 and T 1 , whereas for gradient echo imaging with similarly short echo times, the signal is predominantly T1-weighted.
Schmitt et al 24 considered off-resonance effects and the ratio of T 2 /T 1 on the apparent T 1 measured with bSSFP techniques, assuming a constant read-out of echoes during the inversion recovery. The magnitude of T 1 errors from use of the apparent T 1 was È40% for T 2 /T 1 = 0.1, using a flip angle of 45 degrees for the bSSFP read-outs. The error of T 1 was less than 10% for an off-resonance angle of P/2. For myocardial tissue, and before administering any contrast, T 1 È1150, and T 2 È40 milliseconds at 3 T, that is, T 2 GG T 1 . Although the findings by Schmitt et al 24 would appear to be of relevance for the MOLLI technique, which uses SSFP for the image read-out, it should be noted that with MOLLI only a few short SSFP read-outs take place during the inversion recovery and are spaced apart by a time given by the heartbeat duration. Kellman et al 26 have recently showed for MOLLI that the T 1 error from offresonance effects is larger for longer T 1 times, approaching j7% for an off-resonance shift of T50 Hz for T 1 = 1200 milliseconds, and Èj4% for T 1 = 600 milliseconds.
Robson et al 25 have simulated the effects of magnetization transfer on T 1 measurements with MOLLI and found that magnetization transfer can cause a significant bias for T 1 . The magnetization transfer was assumed to take place between a ''dark pool'' of 1 H nuclei and mobile 1 H nuclei from water and lipids. Potential components of this dark pool are 1 H nuclei, whose signal is otherwise not directly detected by the MRI sequences with echo times on the order of milliseconds, such as 1 H in collagen. The MT effect grows in magnitude as one uses higher levels of RF power for excitation pulses, and for this reason, one would expect that MT effects would be more pronounced with MOLLI measurements than with GRE LookLocker measurements. The latter one typically uses flip angles on the order of 10 degrees, whereas for MOLLI flip angles on the order of 45 degrees or higher are common.
Nacif and colleagues 27 compared precontrast global T 1 values measured at 1.5 T by the Look-Locker and by MOLLI technique (mean, 1004.9 T 120.3 vs 1034.1 T 53.1 milliseconds, respectively, P = 0.26) and using in both cases SSFP for the image acquisition. It remains to be seen if a Look-Locker implementation with gradient-echo read-outs (without SSFP) will give a significantly higher T 1 than MOLLI.
The increasing awareness of effects from MT, off-resonance shifts, and T 2 relaxation on T 1 measurements has raised the question of whether one can measure a ''true'' T 1 . Based on current evidence, one can say that the T 1 measured with a single point technique such as IR-prepared spin-echo imaging should give in principle a relatively accurate measure of the T 1 estimate of the mobile 1 H species in myocardial tissue, as the IR is not disturbed by the image read-out, which are the source of MT and T 2 effects. A Look-Locker read-out with low flip angle should also be relatively more immune to MT and T 2 effects than SSFP techniques, like MOLLI and shMOLLI. But even though MOLLI and shMOLLI may not be the most accurate techniques for T 1 quantification, they have been found to be more precise than LookLocker techniques.
WATER EXCHANGE EFFECTS
For postcontrast measurements of T 1 in myocardial tissue, the movement of water between spaces with and without contrast agent can have important repercussions on the apparent T 1 of the tissue. Water exchange across the cell membrane results in exchange of magnetization during an inversion recovery. Without any exchange of water across the transcytolemmal barrier, one would to a first approximation expect that after administration of an EC contrast agent, the inversion-recovery curve resembles a sum of 2 exponentials: one representing the recovery in the EC space permeated by contrast and a slower inversion recovery in the intracellular space not accessible to the contrast agent. In practice, myocardial inversion-recovery curves appear to be well approximated by a single exponential, suggesting that the exchange of water across the transcytolemmal barrier spreads the effects of contrast-enhanced relaxation to the intracellular space. This effectively couples the relaxation recoveries in the 2 spaces, so that it is reasonably well approximated by a single exponential.
The effect of water exchange on T 1 is often assumed to be fast enough that the R 1 in myocardial tissue increases linearly with the R 1 in blood. But such a linear relationship applies only in the limit of fast transcytolemmal water exchange. The term ''fast'' here refers to the rate of water exchange relative to the R 1 in the space permeated by contrast. When the fast exchange condition is no longer fulfilled, then water exchange becomes a bottleneck for the relaxation recovery of the intracellular water, leading to a lower R 1 of tissue, compared with the prediction for the fast-exchange limit. If the R 1 data are interpreted by assuming fast exchange conditions, this can therefore lead to an underestimate of ECV. 23 The effects of water-exchange in normal myocardial tissue become noticeable when R 1 in blood is greater than È3 s j1 . 23 After a contrast injection, early measurements of T 1 are therefore more likely to lead to a bias to underestimate ECV, if one interprets the data under the assumption of fast water exchange. It may be then concluded that contrast in blood and tissue is not yet at equilibrium, although the source of error is due to an oversimplified interpretation of the T 1 measurements.
The consideration of the effects of water exchange is not only relevant for avoiding a bias in the estimation of ECV, but may also be used to extract additional useful information about the tissue structure. The rate of water exchange relates to the average lifetime of a water molecule within a cell. 28 This socalled intracellular lifetime can be related to the geometry of the cell, because it is proportional to the volume-to-surface area ratio of the cells. In the case of cardiomyocytes with a length-todiameter ratio of approximately 4:1, volume-to-surface area ratio is to a first approximation equal to the cell diameter, which changes with the development of cell hypertrophy. Through quantification of the intracellular lifetime, by postcontrast T 1 measurements over a relatively wide range of contrast concentrations, it is feasible to detect cardiomyocyte hypertrophy. 29 
CURRENT LIMITATIONS
For cardiac applications, the requirement to acquire longitudinal magnetization-recovery data within a breath-hold continues to be an important bottleneck that constrains T 1 protocols. For this reason, almost all T 1 -mapping sequences in current use rely on 2-dimensional image acquisitions. Breathhold acquisitions are repeated to cover the entire heart, for example, with a stack of short axis slices. With the need to perform T 1 mapping both before and after contrast administration, this procedure can become cumbersome, and a single 3-dimensional T 1 -mapping acquisition would be preferable. To achieve 3-dimensional T 1 mapping will require highly accelerated parallel imaging and sparse sampling. An important advantage of 3-dimensional imaging would be that slice ''inflow effects'' for the blood signal could be reduced. With Look-Locker acquisitions, the inflow effects result in cardiac cycleYdependent modulation of the signal, which grows in prominence as one increases the RF flip angle for the image read-out.
CONCLUSIONS
Interest in T 1 mapping of the heart has increased markedly over the last few years because of new applications, which address the need to detect changes in tissue, such as expansion of the EC space, development of cell hypertrophy, and increases in the free water content. Look-Locker and modified Look-Locker (MOLLI, shMOLLI, SASHA) techniques have emerged as the mainstays for T 1 mapping of the heart. Mechanisms that may affect the longitudinal magnetization recoveries measured with each of these techniques (like magnetization transfer effects) are still being investigated. Although it can be said that the currently used cardiac T 1 mapping techniques are relatively precise, their accuracy and potential sources of biasing effects on T 1 remain an area of active investigation. Notwithstanding such open questions, T 1 mapping has proven highly valuable to improve the already excellent capabilities of CMR for myocardial tissue characterization.
